Over the past several decades, there has been an ever-increasing demand for organ transplants. However, there is a severe shortage of donor organs, and as a result of the increasing demand, the gap between supply and demand continues to widen. A potential solution to this problem is to grow or fabricate organs using biomaterial scaffolds and a person's own cells. Although the realization of this solution has been limited, the development of new biofabrication approaches has made it more realistic. This review provides an overview of natural and synthetic biomaterials that have been used for organ/tissue development. It then discusses past and current biofabrication techniques, with a brief explanation of the state of the art. Finally, the review highlights the need for combining vascularization strategies with current biofabrication techniques. Given the multitude of applications of biofabrication technologies, from organ/tissue development to drug discovery/ screening to development of complex in vitro models of human diseases, these manufacturing technologies can have a significant impact on the future of medicine and health care.
INTRODUCTION
The current waiting list for organ transplant recipients has grown steadily in the past few decades to over 120,000 candidates (>75,000 are active 1 ) in the United States alone (as of March 2014; see United Network of Organ Sharing, http://www.unos.org). There is a huge crisis in meeting this additional demand, and the gap continues to widen (Figure 1) . Currently, the transplantation of vital organs such as kidney, liver, heart, and lung is the only treatment for their end-stage failure. Every day, about 79 people receive some type of organ transplant. However, each day an average of another 18 people die waiting for an organ transplant because of supply shortages (1) . To close this transplantation gap, tissue engineering and regenerative medicine approaches offer the promise of new or restored tissues and organs through the combination of material scaffolds and a patient's own cells (2, 3) . Although past work has generated methods to create artificial skin (4), cartilage (5), tracheas (6) , and bladders (7), these represent relatively simple structures compared with the complex architectures of heterogeneous or vascularized organs and tissues (8) . As a result, the promise of new or restored tissues and organs through engineering has been left largely unrealized. Figure 2 shows an overview of the tissue engineering-based approach for de novo organogenesis.
Recent advances in tissue engineering owe their success largely to the development of novel biomaterials-based strategies that better mimic native tissue and organ structures. These biomaterials are capable of harnessing the innate abilities of cells to sense their local environment through cell-cell and cell-extracellular matrix (ECM) contacts and self-assemble into complex networks to elucidate emergent behaviors. Many past studies have focused on tuning the bulk properties (i.e., biomolecule concentrations, mechanical properties) of these materials, which assumes that the native cellular environment is homogeneous across multiple length scales. Although modern biomaterials permit the investigation of complex cellular behaviors such as mouse mesenchymal stem cell (mMSC) differentiation (9) and epithelial-mesenchymal transition (EMT) of adenocarcinomas (10) , they have yet to accurately replicate the heterogeneous nature of native cellular environments. Much of this is due to the inherent difficulty of precisely tailoring three-dimensional (3D) environments. Although many intricate methods have been developed to generate complex two-dimensional (2D) patterns and gradients of biochemical and mechanical cues, 2D culture conditions may not be appropriate for many cell types (11) (12) (13) . Furthermore, 2D fabrication techniques often cannot be readily translated into 3D culture systems. Therefore, 1 An active candidate is considered eligible for an organ transplant at a given point in time. Some candidates are inactive, as they are considered medically unsuitable for a transplant or need to fulfill some additional eligibility requirement(s). 
Figure 1
The gap between the number of people waiting for an organ transplant and the number of people receiving one continues to widen. (Data obtained from 1).
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Figure 2
Overview of the tissue engineering-based approach using three-dimensional (3D) biofabrication for de novo organogenesis.
there is a need to adapt these 2D methods and/or create entirely new methods to accurately capture the complex 3D cellular environment.
Recently, several methods have been developed to spatially encode local properties to 3D materials-based culture systems, and we generically refer to these methods as 3D biofabrication techniques. Such methods are capable of either constructing or patterning materials, with a high degree of control, by finely tuning and defining material geometries, localization of biomolecular cues, and/or mechanical properties. In doing so, they have created complex material geometries to resemble endogenous tissues (14) . Similarly, biofabrication-based patterning techniques have immobilized controlled concentrations of adhesive ligands, growth factors, or other signaling molecules to mimic cellular architectures in vivo (15) . By enabling this precise control over local and bulk material properties, these methods can create new biomaterials that better replicate the complex and heterogeneous nature of endogenous tissues and organs. This will help to bridge the gap between the current state of tissue engineering and the unrealized hope of true artificial organs and tissues. In addition, this level of control could allow for a more complete model of cancerous or disease states in cells and tissues to assess current, or develop new, therapeutic strategies. In this review, we discuss various biomaterial properties and how different 3D biofabrication strategies can be used to create complex 3D cellular environments using biomaterials.
MATERIALS AS SCAFFOLDS FOR TISSUE ENGINEERING
Owing to the wide spectrum of mechanical and biochemical properties of native tissue, a variety of materials have been developed to mimic specific cell and tissue niches (16) . Hydrogels are the most commonly explored materials for fabricating the complex 3D cellular microenvironments, as they can be tuned for ideal degradability and mechanics and the ability to incorporate biomolecules of interest. They are generally considered to have high biocompatibility and nonimmunogenicity. The optical clarity of hydrogels permits the use of a vast assortment of photochemical methods to fabricate material structures or pattern biomolecules within the hydrogel matrix. Similarly, their high water content creates an environment conducive to the encapsulation of cells. Therefore, in this review, we discuss primarily the properties of hydrogel-forming polymers ( Table 1 ) (Figure 3) . When describing the properties of hydrogel materials, we first divide them into two main categories: natural and synthetic.
Natural polymers are often derived from native ECM components such as collagen (12, (17) (18) (19) , fibrin (20) (21) (22) , hyaluronic acid (HA) (23) (24) (25) (26) , or Matrigel TM (27) (28) (29) , but they have also been created from nonmammalian sources such as algae (alginate) (9, 14) and seaweed (agarose) (30, 31) . Natural hydrogel polymer materials have the advantages of high biocompatibility and degradability through natural enzymatic or chemical processes. In addition, materials derived from mammalian ECM contain natural ligands that allow for cellular adhesions; thus, they often do not require additional modifications to support cell growth and spreading. However, it can be difficult to decouple the effects of different biochemical cues and signaling molecules such as growth factors or adhesive sequences in these materials because they can exist naturally within the hydrogel matrix. This is especially true in matrices such as Matrigel TM for which the overall polymer makeup is only loosely known (32) .
Alternatively, many synthetic polymers capable of forming hydrogels have also been developed to act as blank-slate materials, the biochemistry and mechanics of which can be custom-tailored via simple chemical modifications. Although poly(ethylene glycol) (PEG) is the most commonly explored synthetic polymer owing to its innate protein repulsiveness and the fact that it is already FDA approved for certain applications, several other hydrogel-forming polymers have been investigated. These include poly(2-hydroxy ethyl methacrylate) (PHEMA) (33, 34) , poly(acrylamide) Chemical structures of common polymers for biofabrication. Abbreviations: DIFO3, difluorinated cyclooctyne; HA, hyaluronic acid; maPEG, multiarm PEG; NIPAAm, N-isopropyl acrylamide; PAm, poly(acrylamide); PEG, poly(ethylene glycol); PEGDA, PEG-diacrylate; PEGDMA, PEG-dimethacrylate; PHEMA, poly(2-hydroxy ethyl methacrylate). (35) , and poly(N-isopropyl acrylamide) (PNIPAAm) (36) . These materials do not support cell adhesion, but they can be functionalized with ECM proteins (e.g., fibronectin or laminin) or ECM-mimetic peptides such as Arg-Gly-Asp-Ser (RGDS, or RGD) or Ile-Lys-Val-Ala-Val (IKVAV), which are derived from fibronectin or laminin, respectively (37) . In addition to purely natural or purely synthetic materials, many natural/synthetic polymer hybrids have been created in the hopes of achieving "best of both worlds" material properties (38, 39) . This hybridization has been further extended to incorporate non-polymer-forming proteins to create hydrogels that harness the mechanical and biochemical properties of the protein (40, 41).
Engineering Degradability in Biomaterials
For many tissue engineering applications, it is desirable to have the scaffold material degrade, allowing the material to be broken down as the scaffold material is replaced with cells or tissue and newly deposited ECM. Importantly, these degradation by-products must be biologically inert, so that they can be rapidly cleared after they have been broken down. In the case of polymer degradability, there are two dominant mechanisms: (a) chemical, in which the polymer chain is broken down by chemical reactions such as hydrolysis, and (b) enzymatic, in which enzymes secreted by cells in culture recognize and cleave specific sites within biological polymers.
Although synthetic polymers have no inherent biological properties, some can undergo chemical degradation through bulk hydrolysis. Hydrolysis reactions are often catalyzed via acidic or basic conditions, but they can also often be tuned within physiologically relevant conditions (42) . Poly(lactic acid) (PLA) blocks have been incorporated into PEG chains to imbue degradative properties through hydrolysis with predictable kinetics (43, 44) . Similarly, ester (45, 46) , thioether-ester (47), thiol-acrylate (42, 48) , and thiol-allyl ether (49) linkages have been inserted within synthetic polymer macromers or used as cross-linking sites to take advantage of and tune hydrolytic degradation pathways.
Enzymatic degradative processes are normally seen with the use of natural materials where enzymes cleave either specific amino acid sequences, such as matrix metalloproteinases (MMPs) toward collagen, or biologically relevant chemical structures, such as hyaluronidase toward the disaccharide chains of HA. For materials that either are nondegradable, degrade under conditions not amenable to cell viability, or degrade via enzymes not secreted by the cultured cells, these sequences can be incorporated into the polymer structure to render the final hydrogels degradable. This technique has been used extensively to incorporate MMP-(11, 50-52) as well as plasminsensitive (53, 54) peptide sequences in both synthetic and natural polymer hydrogel networks. Furthermore, the peptide sequences can be modified to tune their MMP-specific degradation kinetics depending on the application (55).
Cross-Linking and Mechanics for Biomaterials
The mode of polymerization can have critical consequences for both the choice of a polymer system and the resulting hydrogel structure and mechanics. The mode is especially important because the mechanics of the materials should closely match the endogenous matrix of the cell or tissue niche being investigated. Most naturally derived polymers have their own inherent methods of gelation, such as thermal (agarose, collagen, Matrigel TM , and gelatin), pH (collagen and gelatin), ionic (alginate), or enzyme-based (fibrin) cross-linking. For these materials, the mechanics of the resulting gel can be loosely controlled by adjusting the prepolymer density. However, the kinetics of these cross-linking processes can vary greatly, from several minutes to hours. Therefore, researchers have started functionalizing natural polymer materials with photo-cross-linkable side groups such as methacrylates (11, 56) , thiols (57) , or aldehydes (9) . Synthetic polymers have been similarly modified to utilize multiple photo-cross-linking mechanisms such as acrylate-acrylate (58, 59), thiol-ene (45, 60, 61) , or thiol-yne (62, 63) . These polymerizations occur quite rapidly, often permitting the encapsulation of cells during the polymerization reaction. The reaction kinetics and matrix mechanics can be easily tuned based on the prepolymer concentration, cross-linking time, and/or photoinitiator concentration. In addition, several other chemical reaction-based chemical cross-linking methods, such as Michael-type addition (64, 65) and azide-alkyne cycloaddition-based click chemistry (66) (67) (68) (69) , have been effectively used to encapsulate cells with tunable kinetics and matrix mechanics.
CURRENT STRATEGIES FOR 3D BIOFABRICATION
In light of the need for improved biomaterials-based cell culture strategies, many biofabrication techniques aim to better capture the complex heterogeneous nature of endogenous cells, tissues, and organs for tissue engineering and regenerative medicine applications. By using the biomaterials mentioned above, these biofabrication strategies are used to develop scaffolds with well-defined 3D topologies and geometries to incorporate biomolecules within the 3D matrix with specific orientation and concentration. A scaffold with high porosity and tunable pore sizes and mechanical strength is desirable for tissue engineering applications. Large pores allow easy diffusion of molecules, waste products, and gases within a 3D scaffold. They also help with cell migration, spreading, and proliferation (70). Table 2 summarizes the different biofabrication techniques that we discuss in this review.
Traditional Biofabrication Techniques
A multitude of fabrication technologies are available to create 3D scaffolds by using both synthetic and naturally occurring biomaterials. An overview of some of these traditional or conventional techniques is provided below. These techniques aim to create scaffolds that mimic the physiological microenvironments experienced by the cell. In all the traditional technologies, fabrication of the scaffold occurs first, followed by seeding of the cells in the scaffold.
3.1.1. Solvent casting or particle leaching. Solvent casting is a technology in which a polymer solution is dissolved in a solvent with uniformly distributed salt particles of a specific size (71) . At first, the solvent is allowed to evaporate, leaving behind a composite with uniformly distributed salt particles. This polymer matrix is then immersed in water to allow leaching of the salt particles. This results in the formation of a highly porous uniform 3D matrix that can be used to seed different types of cells. The pore size of the scaffold is strictly a function of the salt particles' diameter and is often optimized for the specific application. The resulting polymer matrix is 99.9% salt-free, and it can have over 90% porosity and median pore diameters of up to 500 μm (71, 72). Park et al. (73) fabricated a block polymeric scaffold of PEG and poly(E-caprolactone) (PCL) using sodium chloride as the porogen and dimethyl sulfoxide as the solvent. Keeping the total polymer concentration constant, the authors varied the ratios of PEG:PCL to obtain hydrogels with different mechanical properties. By seeding chondrocytes in these scaffolds, they showed optimal cartilage formation for the scaffold with the highest hydrophilicity, thus supporting the importance of scaffold properties in determining cellular functionality. Mehrabanian and colleagues (72) fabricated nanohydroxyapatite (nHA) nylon 6,6 composite scaffolds using particle leaching. The microstructure of the scaffold showed a very high porosity with pore size ranging from 200 to 500 μm, which was similar to the size of the porogen used. The mechanical properties of the scaffold were similar to those of cortical bone, and thus the authors claimed that the scaffold would be ideal for studies involving bone development. Another study, done by Ford et al. (74) , used a salt-leached poly(lactic-co-glycolic acid) (PLGA) scaffold as a template around which the authors synthesized a hydrogel by cross-linking PEG with poly-L-lysine. This hydrogel was then degraded by sodium hydroxide to create a highly porous hydrogel scaffold that was used for seeding the cells. Endothelial cells were seeded in this hydrogel network in vitro, and the authors reported efficient microvessel formation.
One of the biggest advantages of this technique is that the pore size and, in turn, the mechanical properties of the scaffold can be easily tuned by controlling the size and geometry of the porogen (70) . However, the main disadvantage of the technique is the use of cytotoxic organic solvents for fabrication of these scaffolds. The scaffold needs to be repeatedly washed to ensure complete removal of the solvents and minimize cell death. Abbreviation: 3D, three dimensional.
Freeze-drying.
Freeze-drying, also known as lyophilization, is a process in which a polymer (synthetic or natural) solution is cooled down below its freezing point, leading to the solidification of the solvent molecules (75, 76) . This forces the polymer to aggregate in the interstitial spaces of the scaffold. The solvent is then evaporated via sublimation, and this leaves behind a highly porous polymeric structure with interconnected pores that can be used for seeding the cells. The pore size of the scaffold is a function of the freezing regime, the concentration of the polymer, the size of the ice (solvent) crystals, and the pH of the solution (77) (78) (79) . In order to reduce the solubility and the degradation rate of naturally occurring polymers (collagen, alginate, gelatin), the polymers are generally cross-linked by UV radiation (80) or by chemicals such as gluteraldehyde (78) , citric acid (81), and carbodiimide (82) prior to cell seeding. Shapiro & Cohen (79) fabricated 3D alginate porous sponges by lyophilization for studying cellular interactions. They showed that the alginate sponges had pores ranging from 70 to 300 μm and were ideal for the culture of fibroblasts. Lai and coworkers (82) developed cross-linked porous gelatin hydrogels by freeze-drying. They reported that rabbit corneal endothelial cells showed unfavorable tissue material interactions for the hydrogel discs with higher gelatin concentration, whereas favorable interactions were seen for hydrogels with lower gelatin concentrations. By increasing the gelatin concentration, the authors reduced the pore size of the hydrogel, which, in turn, led to hostile tissue material interactions. Even though a variety of polymers can be freeze-dried and used as a scaffold to investigate cell-matrix interactions, the lengthy timescales and high energy consumption of this process (83) limits its use for tissue engineering applications. In addition, this technique also uses cytotoxic solvents for mixing the polymer, and any exposure to residual solvents can potentially be lethal for the cells.
Gas foaming.
Gas foaming is a biofabrication technique in which a polymeric scaffold is saturated with a foaming agent such as carbon dioxide (84) , nitrogen (85) , or water (86) at high pressures. The pressure of the foaming agent is decreased, which leads to a decrease in the solubility of the gas in the polymer. Gas bubbles are formed and grow in the polymer as a result of this thermodynamic instability (87) . A porous structure with pores sizes ranging from 100 to 500 μm can be formed in the scaffold using this technique (88). Harris and colleagues (89) fabricated disks of PLGA using gas foaming. Smooth muscle cells readily attached to these polymeric scaffolds and formed 3D tissues within the porous structure of the scaffold. Kim et al. (90) fabricated a porous biphasic calcium phosphate (BCP) scaffold using gas-foamed polyurethane as a template. Both in vivo and in vitro tests confirmed that the BCP scaffold was biocompatible and could be used for bone differentiation and regeneration. Nam and coworkers (91) fabricated highly porous PLA biodegradable scaffolds using gas foaming and reported that cultured rat hepatocytes exhibited about 95% seeding efficiency and up to 40% viability on day 1 after the seeding.
One of the biggest advantages of this technique for tissue engineering applications is the use of relatively inert foaming agents without the involvement of cytotoxic solvents. However, it has been reported that only 10-30% of the pores are interconnected in the scaffold, which may pose diffusion limitations for encapsulated cells in the scaffold (87).
Bioprinting
Bioprinting has quickly become an attractive method to rapidly fabricate complex architectures in a top-down approach over large length scales. Here, prepolymer solutions, cells in prepolymer suspension, or cell aggregates/spheroids-the "bioink"-are deposited onto a substrate, sometimes referred to as "biopaper," in a layer-by-layer process to build 3D constructs analogous to tissues or organs (57, 92, 93) . There are two basic methods of bioprinting: drop based and extrusion. In drop-based bioprinting, sometimes referred to as inkjet printing owing to its origins in modified inkjet printers (94), a mechanical print head deposits the bioink in droplets that can then coalesce and gel to form polymeric structures (Figure 4a) . Extrusion bioprinting utilizes a mechanical extruder to continuously deposit the bioink as the extruder or stage is moved (Figure 4b) , permitting the use of high cell densities with gentler processing but at reduced speeds as compared with drop-based techniques (57). Next we describe several polymer systems that have been effectively used within these two bioprinting strategies to biofabricate complex 3D polymer culture systems.
Drop-based bioprinting.
Drop-based bioprinting has become increasingly popular owing to the speed at which it can construct scaffolds and biomaterials with elaborate 3D architectures. In fact, this speed makes the technique difficult to apply to many polymer systems, as it requires the gelation time to be faster than, or at least similar to, the drop deposition time. One of the first demonstrations of this technology showed that cell viability was maintained when suspensions of Chinese hamster ovary (CHO) cells and primary embryonic rat motoneurons in phosphate buffered saline (PBS) were deposited onto a biopaper substrate of collagen or agar using a modified ink jet printer (95) . This process was later expanded to print endothelial cells and fibrin scaffolds simultaneously to generate microvascular structures (96) . Using a 3D printer-based system, an alginate bioink printing method deposits alginate prepolymer onto a gelatin substrate that acts as a Ca 2+ reservoir. The alginate prepolymer is then introduced dropwise to the surface and forms a gel as the Ca 2+ ions diffuse into the droplet. To minimize droplet spreading effects on structures, an alternative drop deposition algorithm allows printing of vessel-like structures (14) . Villar et al. (97) recently demonstrated the ability to print complex 3D geometries by generating picoliter aqueous droplets in lipid-containing oil, creating arrangements of lipid bilayer-coated spheres. These lipid bilayers were then modified to contain membrane proteins as well as to form interconnected networks. Furthermore, osmotic gradients were introduced to fold the droplet-based structures into several unique 3D arrangements (Figure 4c ) (97) . Although drop-based printing offers a rapid method for fabricating large structures, it requires fast polymerization kinetics, which limits the polymers that can be used.
Extrusion bioprinting.
In extrusion bioprinting, or direct ink write (DIW), a stage, or surface, is moved in a directed fashion (generally by computer), controlling the spatial deposition of the bioink from a nozzle to create materials of predetermined architecture (98) . Biofabrication with DIW techniques is an efficient method for the creation of colloidal assemblies (99) or functional oxide assemblies (100), and it utilizes a prepolymer ink solution containing the monomers (or oligomers), cross-linker molecules, and initiators. During this process, the nozzle is followed by a UV illumination source to photopolymerize the ink into its final structure. The Lewis group has used this technology to write (a) 3D acrylamide hydrogel structures to support the culture of 3T3 fibroblasts (35) and (b) PHEMA hydrogel structures to direct and align primary hippocampal neurons (34) . Although these studies demonstrate the modularity and applicability of DIW techniques toward biofabrication, the resulting materials require a final poly-L-lysine coating to promote cell adhesion. Extrusion bioprinting has similarly been used to construct complex 3D architectures for tissue engineering. For example, Norotte et al. (93) used extrusion bioprinting with agar-rod cellular spheroids to create artificial vascular tubular grafts that exhibited heterogeneous cell distributions. Though not as fast as drop-based printing, extrusion methods are gentler on cells and compatible with more polymers. However, the extrusion process can limit the final architecture and geometry of the polymer.
Photolithography Techniques
Photolithography techniques use light or photons to transfer the geometric shapes of a mask to a light sensitive surface. The origins of this technique can be traced back to the modern semiconductor industry, where photolithography has been extensively used to create intricate patterns on thin oxide films or bulk substrates. For biomedical applications, photolithography can be used either to create a 2D scaffold for the growth of cells (101) or to encapsulate the cells in a 3D network of polymers (102) . Some of the advantages of photolithography systems are their ability to uniformly encapsulate cells throughout the scaffold, their minimal heat production, and their good spatial and temporal control of the reaction kinetics (103) . As a result, photolithography has been widely used in tissue engineering to create 3D scaffolds for culturing multiple cell types, such as hepatocytes (104) , fibroblasts, C2C12 myoblasts, endothelial cells, cardiac stem cells (56), HT1080 fibrosarcoma cells (105) , mouse embryonic stem cells (mESCs) (106) , and hippocampal neurons (107) . Despite photolithography's wide use in tissue engineering, it does have some drawbacks. In any photolithography system, the incident light is absorbed by a photoinitiator, which creates reactive species (free radical) that initiates the chain reaction. Depending on the dose, these free radicals can be cytotoxic to the cells, especially when the polymerization is done in the presence of cells (103, 108) . In addition, after light illumination, there will be a gradient of photoinitiator for thick samples, which can lead to spatial nonuniformities in the mechanical properties of the scaffold (109, 110) . Nevertheless, photolithography techniques have been successfully employed for creating 3D scaffolds for tissue engineering, and we discuss some of them in the sections below.
Mask-based photolithography.
Mask-based photolithography, as the name suggests, uses a patterned mask to illuminate selected regions of a polymer. The mask is fabricated using standard lithography techniques that were developed for the microelectronics industry. Mask-based photolithography involves exposure of the prepolymer solution to UV light. Only regions of the solution that are exposed to light polymerize and cure to form a network of 3D porous scaffolds. This assembly is then immersed in a buffer to wash off any unnecessary unpolymerized solution (111) . A variety of both natural (modified) and synthetic polymers can be photopolymerized using this method (112) (113) (114) (115) .
It is well documented that mammalian cells are sensitive to their microenvironmental cues, such as stiffness (116, 117) , geometry (118, 119) , topography (120) (121) (122) (123) , roughness (124) (125) (126) (127) , and ligand density (128, 129) in 2D. Mask-based photolithography allows tuning of these matrix parameters for both 2D and 3D hydrogels (130, 131) . Khetan et al. (11) generated regions of soft and stiff 3D HA hydrogels in the same construct using multiple modes of peptide and UV crosslinking. Human MSCs (hMSCs) encapsulated in these hydrogels showed stiffness dependence differentiation into osteogenic or adipogenic lineages in the HA hydrogels. Interestingly, hMSCs in the stiffer regions of the hydrogel differentiated into adipocytes, whereas the ones in the softer regions differentiated into osteocytes. These results contrast with previously published reports (9, 132) . In addition, cell spreading was observed only in the permissive-UV (soft) regions of the hydrogel. Nevertheless, this study showed that stiffness gradients in 3D hydrogels can be used to control the fate of mammalian cells. Another way to modulate the mechanical properties of a 3D hydrogel is by tuning the degree of cross-linking and the prepolymer concentration. Nichol and coworkers (133) fabricated methacrylated gelatin (GelMA) hydrogels of physiologically relevant stiffness (117, 134) by changing the degree of methacrylation (from 20 to 80%) and GelMA concentration (from 5 to 15%). 3T3 fibroblasts encapsulated in these micropatterned 3D scaffolds showed viability in excess of 90% for the softest hydrogel (5% GelMA), whereas a viability of only 75% was recorded for the stiffest hydrogels (15% GelMA).
In another study, Liu Tsang et al. (104) photopolymerized PEG hydrogels with cell-adhesive RGD ligands using a multilayer photopatterning platform. Hepatocytes seeded in the photopatterned hydrogels showed improved viability over bulk (nonpatterned) hydrogels because of improved nutrient transport in the patterned hydrogels. In addition, urea and albumin production was also higher for pattered hydrogels versus nonpatterned hydrogels. This report showed that by spatially patterning cells in 3D hydrogels, their viability and functionality can be improved. There have been a number of other studies that have encapsulated cells in patterned 3D hydrogel scaffolds and studied cell migration (31), cell proliferation/spreading (135) , and cell elongation/fibril formation (136) .
Mask-based photolithography also allows for controlled coculture of multiple cell types in 3D hydrogels. Hammoudi and colleagues (137) used this technique to fabricate oligo(PEGfumarate):PEG-diacrylate (PEGDA) hydrogels with high spatial resolution. Primary tendon/ ligament fibroblasts and marrow stromal cells were encapsulated in these hydrogels and showed a high degree of viability over a period of 14 days. Although paracrine interactions between the two cell types were not investigated, this fabrication modality can be used to study both homotypic and heterotypic cell-cell interactions, which could be useful for a plethora of biomedical applications.
One of the major disadvantages of a mask-based photolithography system is the lack of automation. Photomasks need to be manually changed and aligned after every layer for multilayered scaffolds. In addition, multiple photomasks need to be prefabricated, which can be very expensive and time-consuming.
Stereolithography. Stereolithography (SL) is a maskless photopatterning technique introduced in the 1980s to create prototypes for the manufacturing industries (138)
. It is a computeraided design (CAD) technique used frequently by the rapid prototyping industry and, at least in the past decade or so, for biomedical applications (138, 139) . The basic working principle of this technology is as follows (140): The design of the structure/scaffold to be fabricated is first developed by a 3D computer drawing software. For very intricate 3D designs, magnetic resonance imaging (MRI) or computed tomography (CT) can also be used. This design is then processed by software and sliced into a number of 25-100-μm-thick layers. The data are then passed to the SL apparatus (SLA), where each layer is built one at a time by the ultraviolet (UV) laser. The SLA stage/elevator then moves up, and the second layer is cured in the same way. This process continues until the entire structure is complete. SL offers some unique advantages over maskbased photolithography systems (106) . As a maskless technology, SL does not require fabrication of a physical mask, thus reducing both the cost and time required for scaffold fabrication. Also, with this automated technique, there is precise control over the thickness of the scaffold. SL allows the rapid fabrication of structures ranging in size from a few hundred micrometers to a few millimeters.
One of the first studies that demonstrated the use of SL for biomedical applications was performed by Dhariwala and coworkers (141) . They encapsulated CHO-B2 in a poly(ethylene oxide) and PEG-dimethacrylate (PEGDMA) hydrogels of simple geometries and reported high cell viabilities. Even though the study demonstrated only viability of cells, it was the first of its type and showed that SL could be used for tissue engineering applications. Arcaute et al. (142) expanded on this study by encapsulating human dermal fibroblasts in photo-cross-linked PEGDMA hydrogels of complex geometries, which could be used as nerve guide conduits. The authors found viability close to 90% after 24 h (Figure 5a) . The Bashir group modified the commercially available SLA to show the long-term viability of 3T3 cells in PEGDA hydrogels of different molecular weights (143) . They found that cellular viability was a close function of the hydrogel pore size: Higher pore sizes (higher molecular weights) resulted in better cell viability. In addition, by adding cell-adhesive peptide sequences of RGDS to the polymer backbone, the authors demonstrated increased cell viability, proliferation, and spreading. Seck et al. (144) fabricated biodegradable hydrogels by polymerizing PEG/poly(D,L-lactide) macromers with SL. MicroCT revealed that the average pore size of the hydrogel was 423 μm, with more than 90% of the pore volume accessible from the outside of the scaffold. hMSCs were able to attach and spread on these scaffolds, confirming that these biodegradable scaffolds fabricated by the SLA could be used for tissue engineering applications.
Kong and colleagues (145) encapsulated 3T3 fibroblasts in microvascular stamps fabricated by the SLA to control the growth of neovessels. A desired geometrical pattern of neovessels was achieved on the chick embryo chorioallantoic membrane based on the 3D geometry of the stamp. The 3T3 fibroblasts encapsulated in the microvascular stamps released proangiogenic growth factors that were localized to the geometry of the stamp. The release of growth factors led to sprouting of new blood vessels on the embryo's membrane, and this growth of the neovessels was a function of the hydrogel's microchannel diameter (Figure 5b) . The authors believe that this work could be used for the development of the next generation of bandages-ones that would form new blood vessels for enhanced recovery of the wound. Zorlutuna et al. (107) used SL to fabricate biodegradable hydrogels and encapsulated primary hippocampal neurons (HNs) with skeletal muscle myoblast cells (MCs) to study heterotypic cell interactions. The hydrogels that had both HNs and MCs in the same scaffold showed much higher choline acetyltransferase (ChAT) activity than the hydrogels that were cultured in conditioned media (Figure 5c ). SL enabled multicell encapsulation and showed that spatiotemporal interactions are important in cellular systems. In addition, this methodology can be used to investigate cellular interactions in 3D microenvironments.
Although SL has emerged as a powerful biofabrication technology in the past few years, the minimum feature size that can be fabricated by the conventional SLA is limited to the beam width of the laser. Most commercially available lasers have a beam width of about 250 μm (146) . As a result, 3D microscale tissue organization cannot be achieved using the commercially available SLA. To circumvent this problem, Bajaj et al. (106) combined SL with dielectrophoresis (DEP) to pattern cells with a high degree of 3D spatial control. The cells were first patterned by the DEP forces and then polymerized by the SLA to mimic the elements of native tissue (Figure 5d ). In addition to single cells, this technique also allowed patterning of cell spheroids in 3D hydrogels, making it a very robust platform for tissue engineering applications. Also, new SL systems with improved resolution are now commercially available. These high-resolution SLAs have an accuracy of about 20 μm (138). In addition, recent years have also seen the use of the microSLA for tissue engineering applications (147) (148) (149) . With the microSLA, submicrometer-sized features can be fabricated in hydrogels, thereby allowing microscale tissue organization (150) . In addition to tissue engineering and regenerative medicine, SL can also be used for the development of soft robotics and biological machines. Recently, the Bashir group used the SLA to fabricate PEGDA hydrogel-based biological robots, or bio-bots, that were capable of spontaneous locomotion when seeded with rat cardiomyocytes (151) . These bio-bots were also capable of attaining speeds of up to 236 μm/s with an average displacement of 354 μm per power stroke. The authors also claimed that in the future, these muscle-based bio-bots can be combined with sensory neurons to create in vitro neuromuscular junctions that could be used to sense and neutralize toxins. The SLA has the potential to fabricate different types of cellular machines that could have applications in a broad spectrum of disciplines, such as biosensing, drug discovery, energy harvesting, and environmental remediation.
Multiphoton lithography.
Maskless lithography using a focused laser (31, 152) or confocal microscope (105) has been shown to offer high lateral (x-y) resolution but little to no control over the axial (z) direction. To overcome this limitation, many photochemistries have been expanded to multiphoton-based approaches, which are capable of confining the photochemical reactions in 3D. Whereas in single-photon absorption systems, a fluorophore is excited by one photon of a specific energy level, in multiphoton (or two-photon) processes, multiple photons of lower energy are needed to excite the fluorophore; this is known as the multiphoton (or two-photon) effect (Figure 6a,b) . For multiphoton lithography, the fluorophore is replaced by a photoinitiator to generate a free radical, which can be used in many of the photopolymerization methods described in Section 2.2. Because the absorbance of multiple photons must occur nearly simultaneously, this two-photon effect has a probability of occurrence that scales with the square of the laser intensity. With traditional, low-intensity, continuous-wave lasers, this is a very rare event even at the laser's focal point. Therefore, specialized femtosecond pulsed lasers are needed to generate intensities at their focus orders of magnitude higher than those of their continuous-wave counterparts while maintaining similar average power (153, 154) . Common photochemical reactions used in multiphoton lithographic techniques are illustrated in Figure 6c .
The first demonstration of multiphoton patterning within hydrogel structures was performed by Hahn et al. (105) , who were able to control the mechanics and the biochemistry of PEGDA hydrogels by patterning either low-molecular-weight PEGDA monomers or acrylate-PEG-RGDS, respectively, using the multiphoton effect to initiate localized acrylate polymerizations. An example of this can be seen in Figure 6d . Use of MMP-sensitive PEG hydrogels allowed the RGDS patterns to guide the invasion of surface-seeded HT-1080 fibrosarcoma cells into the hydrogel. Acrylate-PEG-RGDS patterns were similarly capable of guiding the 3D migration of human dermal fibroblast migration in MMP-sensitive PEG hydrogels from an encapsulated fibrin clot (102) . Two-photon patterning of acrylate functionalized biomolecules was later shown to be amenable to serial patterning of multiple biomolecules in the presence of encapsulated cells with 1-2-μm and 5.4-μm precision in the lateral and axial directions, respectively (15, 155) .
To separate the polymerization and patterning chemistries, the Shoichet group developed coumarin-derivatized agarose, in which a coumarin analogue can act as photolabile protecting groups for sulfahydryl (156) and amine groups (157) Multiphoton-based patterning and degradation of hydrogel environments. (a) Illustration of the two photon effect-that is, the absorbance of two photons using half the energy required by a single-photon absorption event-which yields a small excitation volume (V TPE ) described by the lateral (ω xy ) and axial (ω z ) dimensions. (b) The basic equations that govern the multiphoton excitation volume (V TPE ) and its parameters (ω xy and ω z ), where NA is the numerical aperture of the microscope objective, λ is the wavelength of the excitation light, and n is the refractive index of the material. Shoichet (158) cleaved these coumarin-based protecting groups within agarose hydrogels, leaving free sulfahydryl moieties to react with maleimide groups or form disulfide bonds. This technique was used to pattern VEGF gradients to guide endothelial cell migration and tubule formation (30) . Later, this technique was expanded to allow the patterning of multiple biomolecules utilizing maleimide-functionalized streptavidin and barnase proteins. In the latter process, the two proteins were patterned serially, allowing the agarose hydrogel to be incubated with biotin-and barstarfused growth factors, which can then bind to streptavidin and barnase, respectively, to promote retinal precursor cell invasion (159) . However, owing to the gelation mechanism of agarose, patterning was performed in the absence of cells. The Anseth group has developed copper-free click-based hydrogels, which utilize strainpromoted alkyl-azide cycloaddition (SPAAC) to polymerize PEG hydrogels, that also offer the advantage of orthogonal polymerization and patterning chemistries. Using orthogonal click-based thiol-ene photocoupling, the group was able to pattern cysteine-terminated biomolecules to allyloxycarbonyl groups in protease-sensitive hydrogels (68) . Furthermore, by incorporating a photolabile nitrobenzyl ether-derived group into the hydrogel backbone, the authors were able to selectively degrade the hydrogels using laser scanning two-photon microscopy (Figure 6e ) (160) and perform this in parallel with the thiol-ene patterning chemistry in the presence of hMSCs (66) . Although multiple studies have successfully patterned multiple biomolecules in a serial fashion (15, 155, 159) , Deforest et al.'s (66, 67) work was the first to demonstrate multiple photochemistries (thiol-ene photocoupling and nitrobenzyl ether photodegradation) in parallel. The authors have similarly incorporated this photolabile group on the N terminus of an RGD peptide to create a method to reversibly pattern biomolecules of interest (67) .
Although these multiphoton patterning strategies offer a straightforward method to encode localized properties within hydrogel networks, they are difficult to scale to large materials (i.e., larger than a few millimeters). Also, the serial addition or patterning of multiple biomolecules can be time-consuming, limiting the overall complexity of the material environment. Therefore, it would be of interest to create new or adapt existing wavelength-specific photochemistries for parallel multiphoton patterning. This capability would enable greater spatial control as well as temporal modification of the hydrogel microenvironment.
Utilizing methods similar to these two photon-based patterning technologies, the Shear group has developed a direct write technology that uses a femtosecond pulsed laser source in conjunction with a photosensitizer (as opposed to photoinitiator), which chemically cross-links protein solutions into polymeric structures (161) . As opposed to using classical photo-cross-linking groups, this method takes advantage of several possible amino acid side chains to create the final polymer structure (161) (162) (163) . This technique is excellent at creating high-resolution (∼1-μm) self-supporting structures, but it has also been utilized as a patterning technique within HA hydrogels to immobilize biotinylated bovine serum albumin (BSA) that can be detected with neutravidin and further functionalized with biotinylated peptides (163) . Owing to the promiscuity of the crosslinking chemistry involved, this method is difficult to multiplex. Nonetheless, it offers an intriguing method to pattern diverse functionalities within 3D hydrogels.
PERSPECTIVES AND CHALLENGES
All the biofabrication techniques discussed above aim to create scaffolds that closely mimic the physiological microenvironments experienced by cells. However, the next generation of scaffolds must monitor the cells within these 3D microenvironments in real time. Unlike current scaffolds, which are passive in nature, the next generation of scaffolds must be active, monitoring the bioactivity of the embedded cells and even responding accordingly. A number of studies have used electronic sensors to monitor the physiology of cells on 2D planar surfaces (164) (165) (166) (167) ; however, integrating these electrical sensing moieties in 3D macroporous scaffolds has been a real challenge. Only recently, a report from Tian et al. (168) made the first step toward creation of a bioactive 3D macroporous scaffold. They successfully integrated silicon-nanowire field-effect transistors (FETs) with both natural (collagen, alginate) and synthetic (PLGA) scaffolds (Figure 7a) . These nanoelectronic scaffolds (nanoES) exhibited porosities comparable to those seen for their bulkhydrogel counterparts. Not only did these nanoES report long-term viabilities for neurons and cardiomyocytes, but they also were used to monitor the electrical activities of the cardiomyocytes. Furthermore, the authors proposed that the applications of these nanoES could be expanded to provide both electrical and mechanical stimulation for the cells. Thus, in the future, nanoES might sense the physiological activities of cells and then provide electrical and/or mechanical stimulation to enhance the cells' growth and proliferation.
Recently, the Khademhosseini group (169) incorporated carbon nanotubes (CNTs) in GelMA hydrogels. CNT-GelMA hydrodels showed enhanced viability and phenotypical characteristics of neonatal rat ventricular myocytes compared with unmodified GelMA hydrogels (Figure 7b) . In addition, the cardiac cells showed 3-fold greater spontaneous beating rates and an 85% lower excitation threshold. The cardiac tissues cultured in CNT-GelMA hydrogels showed less damage from cytotoxic compounds such as heptanol and doxorubicin. Finally, the authors also demonstrated both spontaneous and electrically stimulated motion of CNT-GelMA-based 2D biohybrid actuators. Next-generation scaffolds could incorporate both the sensing (168) and the actuating (169) elements together to truly mimic the physiological microenvironments experienced by cells.
In order to allow the development of thicker tissues and prevent formation of a necrotic core within a scaffold, it is very important that perfusable vascular networks allow the exchange of gases, nutrients, and metabolic products (170) (171) (172) . Most of the current fabrication strategies have developed scaffolds that are capable of culturing cells only for short periods of time in relatively small constructs. However, both the current and next generations of biofabrication techniques need to address the challenge of fabricating a network of microvessels within a scaffold for longterm studies to allow the formation of larger and thicker tissue constructs. Recently, Miller et al. (173) printed a 3D network of carbohydrate glass as a sacrificial template within different types of hydrogels. To prevent disruption in the ECM cross-linking during dissolution, this carbohydrate glass was coated with a thin layer of poly(D-lactide-co-glycolide) (Figure 7c) . After dissolution of the carbohydrate glass, an interconnected open cylindrical lumen was left behind within the hydrogel. This lumen network supported the growth of human umbilical vein endothelial cells and also allowed for perfusion of liquid. Furthermore, rat hepatocytes showed improved functionality in the hydrogels with perfused vascular networks versus in bulk hydrogels. The authors also claimed that because it is independent of the bulk scaffold fabrication, the vascular casting approach could be applied to a number of other biofabrication techniques and will be compatible with different cross-linking strategies. This and other types of vascularization strategies need to be incorporated with the different biofabrication strategies to develop scaffolds that are capable of larger-tissue growth and development.
In the future, biofabrication technologies might fabricate scaffolds that will both differentiate stem cells and provide microenvironmental cues that allow the maturation of these cells into adult tissue. It would then be possible to develop organs on demand in vitro, thereby lowering or completely eliminating the need for organ donation from individuals. Given the potential applications of tissue-engineered organs, this manufacturing technology could revolutionize modern medicine and health care. (ii ) Primary rat hepatocytes and fibroblasts in agarose gel (slab versus channeled) after 8 days of culture stained with live/dead assay. Green indicates live cells, whereas red shows dead ones (173) . Abbreviations: 3D, three-dimensional; CNT-GelMA, carbon nanotubes incorporated into GelMA; ECM, extracellular matrix; FETs, field-effect transistors; GelMA, gelatin methacrylate; nanoES, nanoelectronic scaffold. (Reprinted with permission from Nature Publishing Group and the American Chemical Society.)
